-To study the structural contribution of perimysial collagen fibers to the passive mechanics of ventricular myocardium, we modeled the coiled fibers as helical springs using elastica theory to represent the fibers as initially curved, inextensible rods that could bend and twist. The extensional behavior in the physiological range of left ventricular (LV) pressures was dependent on structural parameters that were estimated histologically for rat and dog: collagen fiber diameter, coil period, collagen fiber tortuosity (fiber length in 2 dimensions/midline length), and number density (&) of collagen fibers per cross-sectional area of tissue. The difference in each geometric parameter was not great (27% maximal difference for &). However, the combined effect of all parameters accounted for a 102% difference in tissue stiffness. The only other model parameter was the Young's modulus (E) for bending of collagen, which was calculated from a linear regression of stress and strain scaled according to the geometric parameters.
Despite an approximately fivefold difference in tissue stiffness, the resulting E was only 18 .5% different (135 vs. 160 MPa for rat and dog, respectively). With the mean values from each species, the model was able to predict the stress-strain behavior of both rat and dog myocardium in the physiological range of LV pressures, suggesting that the perimysial collagen fibers may be the most important contributors to passive stiffness of the myocardium in the direction of the muscle fibers. It also appears that these large collagen fibers are not stretching to generate stress in the normal range of ventricular pressures, but rather stress gradually increases as collagen fibers straighten through bending and twisting. Finally, to understand the importance of differences in collagen architecture, one should measure the detailed collagen structure, not simply collagen density. extracellular matrix; biomechanics; heart; spring FIBRILLAR COLLAGEN is thought to have substantially greater tensile stiffness than the passive myocardium (15, 38) . Therefore, even though the cardiac collagen matrix comprises only -5% of the myocardium by weight, it may be an important structural determinant of mechanical properties in the resting tissue (37). The left ventricular (LV) cardiac collagen matrix is comprised of epimysial fibers that envelop the whole muscle, perimysial fibers that run between myocytes, and endomysial collagen fibers that connect the myocytes to one another (233). Histological observations from a recent study (23) suggest that the perimysial collagen fibers continuously uncoil as the ventricle ,fills under normal diastolic pressures. The strain at which the perimysial collagen fibers straighten corresponds well with the increase in LV stiffness that occurs at pressures greater than -20 mmHg, suggesting that this gradual straightening may play an important mechanical role in the low-to-normal range of diastolic pressures.
The structural mechanism by which perimysial collagen fiber uncoiling may affect the nonlinear myocardial elasticity remains unclear. It is not known how the microstructural organization and distribution of cardiac fibrillar collagen influence macroscopic myocardial stiffness or how much of that stiffness can be attributed to perimysial fibers compared with other structures such as endomysial collagen fibrils and myocytes. It is also unclear how forces are resisted by the perimysial fibers and how tension alters the fiber configuration.
Although many mathematical models of resting LV wall mechanics have been developed (9, 11, 27), most have been strictly phenomenological, having no material parameters that directly represent specific features of the tissue ultrastructure.
A few investigators have derived stress-strain relations for myocardial mechanics based on the presumed microstructure of the cardiac collagen matrix (10, 27, 29). Horowitz et al. (10) and Nevo and Lanir (27) modeled local collagen fiber orientations using probability distributions. They included the crimped structure of the collagen by assuming that the fibers have no compressive stiffness and only support tensile loads when the tissue has stretched enough to straighten the crimp. Models of other collagenous tissues have been based on similar assumptions (13, 17, 35) . However, the observations of Factor et al. (7) and MacKenna et al. (23) in the myocardium suggest that in the range of normal diastolic pressures, coiled collagen fibers do not become fully straightened.
Therefore, the goal of this study was to develop a model of the mechanics of coiled perimysial collagen fibers in the normal diastolic pressure range based directly on measurements of their microstructure in myocardium (23). Individual coiled collagen fibers were modeled as thin, inextensible helical rods with elastic bending and torsional rigidity. Using statistical measurements of fiber diameter, tortuosity, crimp period, H1576 to the myocytes and to deform together with them. This is equivalent to the assumption that the strain energy in the myocardium is a sum of that in the perimysial collagen fibers and that in the rest of the tissue. From this we can say that the uniaxial stress in the coiled perimysial fibers contributes additively to the total stress, and therefore we can treat this contribution separately. Therefore, this model describes the proportion of stress in the tissue that may be directly attributed to the coiled perimysial fibers while the collagen fibers are not being stretched (i.e., pressures ~40 mmHg) and the myocytes are Individual ventricular perimysial collagen fibers were modeled as curved thin rods subjected to bending and torsion using the Bernoulli-Euler beam theory for inextensible elastica (16, 19). The cross section of the rod is assumed to be uniform and small compared with the length, the arc length along the fiber is constant, and the torsional and bending strain s are small although large displ .acements and rotations are allowable.
The bending and torsional rigidities of the rod are obtained in terms of the elastic moduli of fibrillar collagen from the simple beam and torsion theories of linear elasticity.
Schematic of helical spring model of a coiled perimysial collagen fiber. A right circular helix with pitch angle ~1, radius R, and period P was used to describe helical geometry.
Local rod coordinates, denoted with &, change along length of fiber, whereas global coordinatesX, Y, and 2 do not. Axial force F, is applied at ends of spring and parallel to helical axis. Centerline of fiber followed helix, but because these fibers are relatively straight they may not encompass a hollow core. L, arc length.
Model formulation. Consider a curved rod with uniform cross-sectional area A normal to its local centerline axis 53
( Fig. 1) . The unit vet tor t tangent to the centerline is obtain .ed from the position vector r to a point on the centerline parameterized by the distance I along the rod dr t=Tl
The force resultant F of the internal stress T acting on A has components where i is 1, 3, with respect to helical rod coordinates (16). Assuming that the only external forces acting on the rod are at the ends, the force equilibrium equations reduce to F = constant, and equilibrium of the moments M becomes (16)
From the Bernoulli-Euler theorem for beams, the bending moment of an initially curved rod is proportional to the change in curvature (K~ -KO), the Young's modu lus E of the fibrillar collagen, and th e area moment of inertia of the rod I M bending = EI(K,
where po and pi are the radii of curvature of the rod in the initial and deformed states, respectively. Assuming a constant circular cross section with diameter D for the perimysial collagen fibers, the principal area moments of inertia are equal
For a uniform linearly elastic bar, the torsional moment is proportional to the torsional rigidity C and the kinematic torsion (twist per unit length) T of the rod
where G is the shear modulus, J is the polar moment of inertia of the bar, and ~0 and 71 are the kinematic torsion of the rod in the initial and deformed states, respectively.
For the centerline of the curved rod, the curvature vector dtldl has magnitude l/p, where p is the principal radius of curvature, and its direction is that of the principal normal to the curve. Therefore, the vector cross product t X dtldl has Ref. 23) as the ratio of the collagen fiber arc length along the coil to the length of the helix midline. For a single coil of the helix (Fig. I) , the arc length L is found by the Pythagorus rule from the wavelength or pitch P, and 2nR, the circumference of the helix. Because P is the length along the helix midline of a single coil, the convolution index is given by which, together with Eq. 3, are the governing equations on which the special case of the helical fiber is based.
Three-dimensional helical spring. To describe force and displacement of the collagen fibers as a three-dimensional (3-D) structure, the collagen fibers are assumed to be arranged as helical springs ( Fig. 1 The unloaded shape of the helix is described by
where R is the radius of the spiral, cx is the pitch angle, and + is the angle of rotation about the z-axis. It can be shown that for a prismatic rod bent into a right circular helix the torsion 7 is (19) 
Thus the helix pitch and radius in the deformed and unde- 
Finally, to convert collagen fiber force into tissue stress o in the direction of the muscle fibers, we assume that all the coiled collagen fibers are parallel to the muscle fibers and that the muscle supports no tension at rest. Then, all that is required is the number density (Nd) of collagen fibers per unit A of myocardium to give
Histological measurements. Equations 5, 25, and 26 show that several structural parameters of the coiled perimysial fibers determine force and stress for a given stretch X: the convolution index in the unloaded state (VO) the unloaded period of the coils (PO), the collagen fiber diameter D, Nd, and finally, one parameter that cannot be measured histologically, the Young's modulus of elasticity E of perimysial fibrillar collagen. The geometric parameters were measured in tissue obtained from fully inactivated rat (n = 6) and dog (n = 3) hearts that were perfusion fixed in the unloaded configuration with glutaraldehyde and formalin, respectively (see Ref. 23 for detailed methods). The rat hearts were those studied in a previous study (23), and the dogs were prepared specifically for this analysis.
Several IO-pm-thick sections were cut parallel to the epicardium from paraffin-embedded tissue, and two sections from the midwall region were stained with picrosirius red as described previously (22). The sections were examined using polarized light microscopy (Olympus S-Plan APO x40 objective). Collagen fibers spanning >40 pm were selected for the histological measurements of tortuosity, diameter, and period. Because the collagen fibers are visualized with linearly polarized light microscopy, the sections of the wavy fibers that are birefringent are dependent on the relative orientation between the polarizers and the collagen fibers. As shown previously (23), we can generate a composite fiber in which the entire length of the fiber is illuminated.
In brief, the polarizers are oriented such that the autobirefringence of the muscle is extinguished and the birefringent collagen is then acquired on the computer using digital image acquisition (NIH Image 1.52). The polarizers are then rotated 45", rendering the muscle maximally birefringent, and the birefringent collagen is again acquired (some manual extraction is required to separate the collagen from the muscle in these images). These two images are then combined using Image 1.52, and a smooth fiber appears. All measurements were made from these composite images. The period of the collagen fiber coil was measured by recording the number of cycles these fibers traveled. The period was then calculated from the measurement of midline length. The image acquisition system was calibrated using an objective micrometer (0.33 pm/pixel for the x40 objective). Care was taken to only digitize quarter-or half-wavelengths of the fiber path to maintain the greatest accuracy.
Because the resolution of the system approaches that of the diameter of the fiber, we developed a method to average the diameter over a longer length of the fiber. The area (in pm2) of the composite fiber was measured using Image 1.52. The average diameter of the fiber was calculated as profile area/arc length (measured for the tortuosity measurement). This approach allowed us to have subpixel resolution for the diameter measurement.
The tortuosity of the unloaded perimysial fibers, To, was measured as in the previous study (23) by tracing path and midline axis of the collagen fibers. To was calculated as fiber arc length/midline axis length. From Eq. 15, we see that there is a unique relation among amplitude, period, and convolution index. Because it is not always possible to measure the amplitude of these wavy fibers accurately, especially in the relatively straight fibers, the amplitude was calculated from a linear regression of amplitude versus tortuosity, which can be measured more accurately. To obtain this relation, amplitude was measured in a subset of fibers by digitizing the perpendicular distance between the midline and the peaks on fibers that had been reduced to single-pixel width by skeletonizing algorithms (NIH Image 1.52). Amplitude and tortuosity were measured for 30 fibers in both rat and dog over a range of values, and the convolution index was calculated from this relation using the mean period and amplitude estimated from the mean tortuosity.
The number density of the collagen fibers was also measured from the composite images. The sections were cut parallel to the epicardium, yielding longitudinal sections both of the collagen fibers and the myocytes. Number density was estimated by counting the number of fibers that crossed five lines perpendicular to the muscle fiber axis. In this case, the length of the fibers was not limited to >40 pm but rather included any fibers that crossed this line. The area over which these fibers acted was calculated from the section thickness (10 pm) and the length of the line (152 pm).
Estimation of Young's modulus. Previous estimates of the uniaxial fiber stress-strain relation for rat and dog (30) were compared with the relations obtained from Eq. 26. In that study, we fitted the parameters of a transversely isotropic exponential strain-energy function (9) in a model of the LV using midwall strains measured in isolated, arrested rat and dog hearts during passive LV filling. The LV was modeled as a single cylindrical element with the myocyte fiber angle (i.e., the axis of transverse isotropy) varying linearly through the LV wall as measured from histological specimens. The four material parameters were optimized to minimize the difference between the predicted midwall strain and experimentally measured midwall two-dimensional (2-D) strain. The analysis showed a fivefold difference in fiber stiffness between the two species for a biaxial stretch. For the purposes of comparison with the present model, we computed the fiber stress for a uniaxial stretch of tissue computed using those previously determined material parameters. This also gave rise to a fivefold difference in tissue stiffness.
Stress and strain were transformed from Eq. 26 using the measured geometric parameters according to the following relations Data are presented as means -+ SE; YL = 6 rats and 3 dogs.
RESULTS
The mean values (t SE) and P values from a t-test for the microstructural parameters measured from rat (n = 6) and dog (n = 3) LV myocardium are given in Table 1 . The average coil period was not significantly different (P > 0.5) between the two species, ranging between 8 and 24 pm for all individual fibers with an overall mean (-+SD) of 15.0 t 0.2 pm. The collagen fiber diameter averaged over the length of the fiber (see METHODS) ranged from 0.72 to 9.66 pm for all 242 fibers examined. The average fiber diameter for each heart was not significantly (P > 0.33) different between rat and dog, despite a 12% mean difference. This may partially be due to small sample sizes. The tortuosity measurements for the 242 individual fibers ranged from 1.01 to 1.20 for both species. The relationship between amplitude and tortuosity for 31 fibers with a period similar to the mean is shown in Fig. 2 (r2 = 0 527) With mean tortuosity values from Table 1 , the amplitude was 1.6 pm for the rat and 1.4 pm for the dog, giving rise to convolution indexes (Eq. 15) of 1.18 and 1.14, respectively. The collagen fibers in the rat were significantly more wavy than those in the dog (P < 0.005). Finally, number density was relatively consistent for the individual views, varying from 1,500 to 2,500 fibers/mm2. The dog had significantly more collagen fibers per square millimeter than the rat (27% more).
Because the relative differences in any particular parameter may be misleading in terms of global tissue 15 .
0 p was 102% (P = 0.13) greater in the dog than in the rat ( Table l) , suggesting that it may be a useful characteristic parameter for interpreting the differences in the cardiac collagen microstructure.
To calculate the Young's modulus for collagen, stressstrain data obtained from a cylindrical finite-element model of the LV (30) were transformed by the microstructural parameters using Eqs. 27 and 28. The resulting curves, shown in Fig. 3 , are quite linear, and the slope is equivalent to E. With the mean data from Table  1 , values of 135 (r2 = 0.991) and 160. MPa (r2 = 0.996) were found for rat and dog, respectively. Because the values were similar, we also estimated a Young's modulus of 147 MPa (r2 = 0.981) for all data combined. The transformed stress and strain do not represent physical quantities.
The axial tension in the helical spring is a nonlinear function of the stretch ratio (Eq. 26) that reaches a singularity at an asymptote corresponding to the stretch ratio that equals the initial convolution index of the spring. The force contributed by each collagen fiber was -10 PN at 10% strain when E was taken as 146 MPa, as shown in Fig. 4 . The equivalent tissue stress for a number density of 1,625 fibers/mm2 is also presented and appears similar to the experimental data for strains ~12%. Figure 4 also shows the stress and force computed from the model for strains outside the normal physiological range of pressures (~20 mmHg and < 15% strain) with extension ratios up to the asymptotic value of 18%. There is a discontinuity in stress at that point as a consequence of the assumption of inextensibility.
The sensitivity of the stress-strain relation to variations in the model parameters (D, PO, Nd, Vo, and E) was examined by individually increasing each parameter 100% and decreasing it by 50% about the mean values used in Fig. 4 dependence on D, the stress changed most with variations in fiber diameter (Fig. 5) . Similarly, the quadratic dependence on PO produced substantial decreases in stress with increased wavelength. Changes in fiber number density and elastic modulus both caused linearly proportional changes in stress, which were also comparable in magnitude to the effects of altered unloaded tortuosity for stretches up to 15%. The un-
loaded tortuosity determined the limiting stretch in the model. To prevent tangling on the interior of the helix, the period must be greater than twice the collagen fiber diameter. Finally, the ability of the model to predict differences in muscle fiber stiffness was evaluated by calculating the stress-strain behavior with the microstructural parameters measured for rat and dog using a single estimate of the Young's modulus. With an estimate of 147 MPa, this microstructural model was able to predict a significant proportion of the approximately fivefold difference in muscle fiber stiffness (as shown in Fig. 6 ).
DISCUSSION
We studied the nonlinear elasticity of passive myocardium in the direction of the muscle fibers by modeling coiled perimysial collagen fibers using the theory of inextensible elastica (16, 19). The analytic solution for helical fibers depended on several microstructural parameters of the collagen perimysium. With the use of statistical measurements of histological parameters, it was possible to obtain the Young's modulus for bending of myocardial collagen that would give rise to macroscopic stresses and strains consistent with experimental measurements in isolated, arrested rat and dog hearts (30). observed in biomechanical tests of collagenous tissues. Moreover, the optimal moduli for the two species were only 18% different despite a fivefold difference in tissue stiffness. This suggests that the perimysial collagen fibers may be major contributors to diastolic stiffness in the LV and that area fraction is not the only important feature of the microstructure. Also, the nonlinear stressobserved in biomechanical tests of collagenous tissues. Moreover, the optimal moduli for the two species were only 18% different despite a fivefold difference in tissue stiffness. This suggests that the perimysial collagen fibers may be major contributors to diastolic stiffness in the LV and that area fraction is not the only important feature of the microstructure. Also, the nonlinear stressstrain behavior observed in the myocardium may not be simply the gradual recruitment and stretching of collagen fibers but rather an intrinsic structural property of the perimysial collagen fibers created by bending and twisting. strain behavior observed in the myocardium may not be simply the gradual recruitment and stretching of collagen fibers but rather an intrinsic structural property of the perimysial collagen fibers created by bending and twisting.
Although this model was effective in predicting the mechanical differences between rat and dog myocardium, it is based on several idealized, simplifying assumptions that should be recognized. These include the assumptions that the collagen fibers are inextensible, that they can be modeled as curved beams with significant bending and torsional rigidity, and that they possess a helical geometry with constant pitch and diameter. Moreover, the analysis is limited to uniaxial properties of the myocardium in the muscle fiber Although this model was effective in predicting the mechanical differences between rat and dog myocardium, it is based on several idealized, simplifying assumptions that should be recognized. These include the assumptions that the collagen fibers are inextensible, that they can be modeled as curved beams with significant bending and torsional rigidity, and that they possess a helical geometry with constant pitch and diameter. Moreover, the analysis is limited to uniaxial properties of the myocardium in the muscle fiber direction only. In the following sections, we discuss the contribution and accuracy of each parameter, the importhe importance and implications of each major assumption, and assumption, and possible extensions or improvements to the model analysis. direction only. In the following sections, we discuss the contribution and accuracy of each parameter, tance and implications of each major possible extensions or improvements to the model analysis.
Model approach. Many constitutive models have been developed for the myocardium (9, 11) and other fibrous tissues (5, 17), but relatively few have directly incorporated the structural details of the extracellular matrix (10, 27, 29). Studies that have included some microstructural features such as collagen fiber crimping and orientation (10, 27) were not based directly on measurements. The present model of the mechanics of cardiac collagen fibers is the first we know of to use microstructural parameters measured directly in carparameters measured directly in cardiac tissue. In addition, we have shown that relatively small differences in magnitude of various parameters magnitude of various parameters can cumulatively have a very large impact on myocardial stiffness. Although this model works well for the present data, we cannot exclude the possibility that other appropriate models exist. cardiac collagen fibers is the first we know of to use Model approach. Many constitutive models have been developed for the myocardium (9, 11) and other fibrous tissues (5, 17), but relatively few have directly incorporated the structural details of the extracellular matrix (10, 27, 29). Studies that have included some microstructural features such as collagen fiber crimping and orientation (10, 27) were not based directly on measurements. The present model of the mechanics of microstructural diac tissue. In addition, we have shown that relatively small differences in can cumulatively have a very large impact on myocardial stiffness. Although this model works well for the present data, we cannot exclude the possibility that other appropriate models exist.
Although the phenomenological approach to constituAlthough the phenomenological approach to constitutive modeling usually has the advantage of simplicity tive modeling usually has the advantage of simplicity and reduced number of parameters, this model of the coiled perimysial fibers is actually quite simple and practical. The solution presented in Eq. 26 provides quantitative insight into the impact of changes in collagen structure on passive ventricular mechanics. For example, despite the large differences in LV stiffness between rat and dog, biochemical differences and preliminary histological analysis (i.e., area fraction measurements) of the collagen structure suggested that dog myocardium has only slightly higher (20-35s) levels of collagen than rat myocardium (1, 21) . However, the present analysis suggests that these subtle differences in collagen concentration may explain the large differences in muscle fiber stiffness if the geometry of the fibers are considered. Therefore, measurements of collagen area fraction may not be suEcient for full understanding of the ramifications of extracellular matrix remodeling.
Structural and material parameters. To understand the influence of various parameters on LV mechanics, we must examine Eq. 26 carefully. Tortuosity, or the measure of the waviness of the collagen fibers, has multiple effects. In particular, it determines the asymptotic pole of the model through the relationship to the 3-D convolution index. In physiological terms, this pole represents the transition to high ventricular stiffness. The convolution index also has an inverse scaling effect on the apparent stiffness as given in Eq. 26 where decreases in tortuosity lead to increased stiffness. The data in MacKenna et al. (23) suggest that tortuosity is also related to maximal sarcomere lengthening during filling. In this study we found a small, but statistically significant, difference in collagen fiber tortuosity and convolution index between the rat and dog, which increased the stiffness of the dog tissue. Differences in this parameter should not influence total area fraction measurements. However, because of the nature of the optical anisotropy, decreases in tortuosity might have suggested that the dog myocardium had less collagen if the measurements had been made from only one orientation (22).
To calculate the convolution index, we estimated the amplitude from histological measurements. The amplitude and tortuosity were consistent between the two species, suggesting that this relationship is a conserved property of the collagen fibers. Also, the convolution index obtained from the relationship between amplitude and tortuosity is consistent with, but slightly greater than, that obtained from an analytic solution transforming the tortuosity into the convolution index via an assumption that it is a sinusoidal helix. This suggests that the helical approximation of the collagen fiber geometry is reasonable but not ideal. It is important to note that because the amplitude (-1.4 pm) is small relative to the fiber diameter (-3 pm), these helices do not enclose a hollow core. However, because the half-period (-8 pm) is greater than the collagen fiber diameter, the fibers do not interfere with themselves.
Because the strain energy in this helical model is due to bending, the fiber diameter can have a profound effect on tissue stiffness. In fact, because we assume the fibers are circular cylinders, stress has a fourth-order dependence on diameter. To measure this parameter with the desired accuracy, it was necessary to develop a new method for measuring diameter. A single digitization of the diameter would most likely have had low accuracy because of the limited resolution of light microscopy and the image acquisition system. Therefore, average diameter was calculated by normalizing the profile area by the length of the fiber, thereby decreasing the error significantly.
If we assume the increase in accuracy is comparable to the square root of the ratio of area (in pixels) to diameter (in pixels), the accuracy increases 15 to ZO-fold. Using this approach, we found diameters between 0.72 and 9.66 pm, which fits well with previous reports of Robinson et al. (34) and others. Because the perimysial collagen fibers are actually comprised of numerous smaller fibrils, the effective diameter for the calculation of bending rigidity may be smaller than the measured diameter.
The average coiled perimysial fiber diameter was found to be 12% greater in the dog than in the rat, suggesting a 57% increase in tissue stiffness due solely to differences in fiber diameter. Although the limited measurements in this study did not quite reach statistical significance, it was not an explicit goal of this study to make statistical comparisons.
In any case, this finding emphasizes the value of making these detailed measurements.
Because the perimysial collagen fibers are highly anisotropic and thin (-3 pm) compared to the section thickness (10 pm), we cannot assume that the volume fraction and area fraction are equivalent. However, because we have measured both the collagen fiber diameter and the numerical density, it is possible to estimate the volume fraction as d2NdVo/4 (see APPEN-DIX), which gives rise to a volume of perimysial collagen fibers of 4.2% for the rat and 6.2% for the dog, or a 47% difference. This difference is similar to that measured biochemically by Bashey et al. (Ref. 1; 2.2% for rat and 2.6% for dog). Moreover, it suggests that a majority of the collagen in the normal myocardium is actually found in these coiled perimysial fibers. The periodicity of the undulations is another important parameter in this model because it has a secondorder effect on stiffness without influencing area fraction. We again observed values similar to other estimates for the myocardium (34). Moreover, the period was similar to undulations observed in other collagenous tissues such as cornea and tendon, suggesting that it may be an intrinsic property of fibrous collagen (8). This conserved nature may explain why there was no significant difference (~1%) between the species.
The final geometric parameter to influence tissue stiffness was the number density or the number of fibers per unit cross-sectional area. To evaluate whether our estimate for the number density of collagen fibers was reasonable, we used the number density of myocytes measured by Poole and Mathieu-Costello (31) to estimate the ratio of myocytes to collagen fibers, giving rise to an estimate of 2.7-4.4 myocytes/perimysial collagen fiber. Caulfield and Borg (2) have described muscle bundles associated with perimysial collagen consisting of three or more cells, suggesting that indeed our observations were reasonable. Because stress is linearly dependent on number density, the 27% difference observed between rat and dog would give rise to a proportional difference in stiffness. Therefore the differences in Nd and diameter combine to explain a 42% difference in area fraction while giving rise to an 102% difference in stiffness.
To understand the impact of all of these parameters together, it is possible to calculate a dimensionless factor p (Eq. 30) that includes the relative contribution of all the microstructural parameters. This parameter was 102% greater in the dog than the rat, explaining the majority of the interspecies difference in tissue stiffness. Hence, to better appreciate the importance of collagen remodeling in various disease models, it may be valuable to examine this parameter.
In addition to these geometric parameters, there is one material parameter that we cannot measure directly from the tissue, the Young's modulus for collagen in bending, E. Uniaxial tests on other collagenous tissues suggest that the extensional modulus for parallel collagenous tissues ranges from 400 to 1,500 MPa for ligaments and tendons (4, 38). However, there is little data available on the bending modulus of this material. We would anticipate that the anisotropic organization of the fiber should give rise to a modulus in bending that is less than the modulus in tension (6). This has already been observed in biomechanical tests on bone (3). Therefore, we calculated an E that gave rise to macroscopic strains comparable to those observed in arrested LV The nonlinear uniaxial stressstrain relation obtained from a cylindrical model of the LV was linearized by transforming stress and strain with the geometric histological parameters. The tensile moduli we obtained were 160 MPa for the dog and 135 MPa for the rat, which approach the range for other collagenous tissues (38), but, as mentioned, are somewhat lower. The magnitude of E may be low because the modulus we calculate may not represent the bending modulus of solid collagen but rather that of bending these composite fibers comprised of yet even smaller beams. EI in this isotropic model may better be regarded as the "effective bending rigidity of a transversely isotropic beam," but direct experimental data on bending properties of collagen fibers as transversely isotropic beams are not available at this time. There is some evidence that collagen fibers in ligaments can undergo local compression as also occurs in beam bending. Anterior cruciate ligament fibroblasts have a different phenotype than the medial collateral ligament in that they appear more chondrocytic, possibly arising from torsional compression experienced by the tissue during normal knee motion (20 Moreover, the strong consistency between the species suggests that the fivefold difference in myocardial stiffness can be explained entirely by the difference in the collagen microstructure.
Assumptions and simplifications. We assume that collagen fibers and myoctes act mechanically in parallel such that their strain energy can be added. The coupling between the strain energy in myocytes and collagen fibers can be included. However, at this point we know of no theoretical model or suitable data to propose a nonlinear coupling, so we chose to linearly add them as a first approach.
The somewhat low magnitudes obtained for E suggest, therefore, that there is relatively little direct contribution from the myocytes or that the majority of the strain energy is created by bending of the collagen fibers without stretching. This finding is consistent with other models of the myocardium that did not include myocytes (10, 27). However, previous models focused on the endomysial collagen that wraps around the collagen fibers (10, 27, 29), whereas the current model considered the perimysial fibers that weave between them. Amethod to unify these different approaches may be to represent the muscle fiber stiffness as uncoiling of the perimysial fibers and to represent the transverse and shear properties using models of the endomysial collagen struts and mesh.
A major finding of this model is that the majority of the strain energy created during inflation in the normal range of diastolic pressures is due to a gradual straightening and bending of the collagen fibers. Crimping of the collagen fibers has been known to influence the macroscopic behavior of the myocardium (27, 34) and other tissues (5). However, previous models of the LV myocardium assumed that when collagen fibers were crimped they supported no load. Clearly, several experimental studies (7, 23, 34) suggest that coiled collagen fibers in the heart do not straighten completely until very high pressures (i.e., 70-100 mmHg, which is outside the normal physiological range). On the basis of these experimental observations, we assumed that the fibers are inextensible.
The stresses in the fiber that arise are not due to stretch of the overall fiber but rather local extension and compression of microfibrils off the central axis. As the collagen fibers reach their straightening limit (18% macroscopic stretching in rat), the stress becomes infinite in the fibers and tissue. However, within 1% strain of the asymptote, the stiffness of these coils is still significantly less than the extensional modulus of the collagen itself (560 MPa at 17% strain vs. 1,000 MPa for collagen); yet the relatively high elastic modulus of collagen could yield high stresses even with small strains. Introducing a transition from bending and torsion to uniaxial tensile strain when the stiffness of the coil approaches the extensional stiffness of collagen may be a useful extension of the current model.
We modeled the fibers as helices on the basis of histological and mechanical evidence. Robinson et al. (34) described these fibers as helical from scanning electron microscopy.
Viewing them with light microscopy from virtually any sectioning angle in the unloaded myocardium gives rise to these wavy fibers, further indicating a helical structure. Preliminary analyses using a 2-D sinusoidal description did not model the tissue stress-strain behavior of the macroscopic ventricle pressure-strain data as well as the 3-D helical model, further supporting the choice of a 3-D geometry.
However, when the tortuosity of the 2-D sinusoid was set equal to the 3-D convolution of the helix (i.e., the same maximal strain at the singularity), the behavior was very close to that of this 3-D model, suggesting that the torsional rigidity was less important than the bending stiffness. This finding also suggests that the helical geometry is not a critical assumption and that other shapes (including more realistic ones) should give rise to similar behavior. Using laser scanning confocal microscopy (23), we found that the 3-D structure of a single collagen fiber appeared to be more like a "twisted ribbon" than a true helix, suggesting simply that having'the ability to bend and twist is important, not that it was a helix. More detailed studies using this powerful tool may allow one to follow the actual path of these fibers in three dimensions and to develop numerical approaches based on the inextensible elastica theory used here. Previous models of the myocardium have included nonuniform distributions of initial tortuosity (10, 27). However, this assumption was required to create a nonlinear mechanical response through gradual recruitment of linearly elastic fibers. Therefore, the shape of the stress-strain curve was determined by the assumed tortuosity distribution, which was not measured but rather chosen to fit the desired relation. This type of assumption was not required for our model, because the straightening of the coil is intrinsically nonlinear. More importantly, as discussed above, that assumption contradicts experimental evidence (7,23). In this study, the tortuosity used was the mean value measured for 242 fibers in rat and dog myocardium, and it agreed well with the comprehensive measurements given in a recent study (23). To include a statistical distribution of unloaded tortuosity, the present model would have to be modified to permit collagen fiber extension, because otherwise the strain asymptote at which the stress becomes infinite would be determined solely by the single fiber with the lowest initial tortuosity.
Another feature of the cardiac collagen structure that previous models (10, 27) have incorporated that might improve the current model is a distribution of collagen fiber orientations.
For example, Horowitz et al. (10) found that a model of the endomysial collagen fit the data best when the principle angle was 35-45" oblique to muscle fiber axis, which may actually be conservative in terms of histological observations (2, 33). As an extension of the current model, a distribution of the orientations of perimysial collagen fibers relative to the myocyte fiber axis may be appropriate.
However, our observations suggest that the coiled perimysial fibers are primarily oriented close to the muscle fiber axis (within approximately t 10'). The torsional rigidity of the helical fibers was calculated by assuming that the external moment on the coil was zero. Although this assumption cannot be tested, there is no evidence that the tissue exerts an external torque on the collagen fibers, even though torque may be a consequence of the transverse shear deformations that have been described in intact myocardium (36). One improvement to the current model might be to measure the torsional rigidity of a collagenous structure such as a ligament or tendon and to calculate the necessary applied moment on the coils.
The coupling of the perimysial fibers to the myocytes and surrounding myocardium is important because it determines how forces are transmitted to the collagen. Factor et al. (7) reported that the perimysial fibers run throughout the entire myocardium, attaching both at the apex and base; hence, our approximation of the applied force as a single axial force acting on the ends of the collagen fibers may be reasonable for the equatorial region of the heart far from the end effects. There are, however, lateral fibers that connect the coiled perimysial fibers to the surrounding myocardium, which we have not explicitly addressed (32). Including them in the model should not be difficult, because solutions are available for distributed loads applied along the length of a rod (19,26). One could also couple the strain-energy functions rather than simply adding them as we do here. However, we do not have an accurate description of the frequency of these attachments, the geometry of the lateral fibers, or how much force they exert. Further study of these lateral fibers may prove valuable because it may provide a method to include other components in the model, yielding a full 3-D, microstructurally based description of the constitutive properties of the myocardium.
Although this model has proven useful for examining the tissue stiffness in the direction of the muscle fibers, it is important to recognize that the coiled perimysial collagen fibers represent only one component of the complex collagen hierarchy in the myocardium and that the material properties are three dimensional and anisotropic.
Endomysial collagen surrounds individual cells and connects them together laterally; perimysial collagen groups cells together and includes the larger perimysial tendons modeled here that travel between the myocytes.
These lateral connections of both the endomysial and perimysial fibers probably contribute significantly to components of the stress tensor other than the uniaxial myofiber stiffness modeled here. Finally, epimysial collagen envelops the entire muscle (2). It may be possible to perform experiments and detailed measurements to estimate the contribution of other components of the collagen matrix. This information, combined with the other approaches mentioned previously, may allow the development of a fully 3-D constitutive law. The specific contributions of the myoytes and their intracellular structures to resting myocardial mechanics were not included in the present analysis. However, studies of isolated myocytes suggest that these may also be important structural components, especially the protein titin, which connects the thick filaments to the z line (18). Additionally, the contribution of the myocytes may also be affected by various disease states. In general, the strain energy contributed by the myocytes can be added to that associated with the collagen coils, giving rise to a composite model of the tissue. The results from the current model indicate that the coiled perimysial fibers may be one of the most important determinants of diastolic fiber stiffness of normal cardiac muscle, a conclusion also drawn in a recent paper by Kato et al. (14) . We have shown that the endomysial collagen may be important in maintaining unloaded ventricular geometry but does not appear to change LV stiffness (24). Disruption of the endomysial collagen and some of the perimysial collagen matrix with bacterial collagenase leads to increased ventricular volume at all pressures. We can mimic the changes measured in that experiment using this helical spring model (21).
Implications of model. This model of the collagen perimysial fibers can be used to estimate the stressstrain properties of the normal myocardium using several histologically measurable structural variables. It appears that several features of the cardiac collagen extracellular matrix, including number density, perimysial collagen fiber diameter, oscillation period, and tortuosity, must be measured to estimate whether changes in tissue properties can be explained by changes in the extracellular matrix. Of these, diameter had the greatest effect. In addition, the elastic modulus for the collagen may also be influenced by disease, because the ratio of collagen types (stiffness decreases with increases in type III collagen) or the number of covalent cross-links (which increases stiffness with increased cross-linking;
Ref. 28) can change with disease in the myocardium (12, 14,25). However, in the normal heart it appears that the nonlinear fiber stress-strain relation of the ventricular myocardium may be dominated by the gradual uncoiling of large perimysial fibers rather than stretching along their length. These results have important implications for future experimental studies as well as theoretical models of the myocardium. We have previously defined Nd as N/Ax,. Moreover, L/L, is the definition of convolution index or Vo. Substituting these into Eq. A3 we find fl(J = NpD 2Vo
